This contribution discusses salient properties and functions of hydroxylapatite (HA)-based plasmasprayed coatings, including the effect on biomedical efficacy of coating thickness, phase composition and distribution, amorphicity and crystallinity, porosity and surface roughness, cohesion and adhesion, microand nano-structured surface morphology, and residual coating stresses. In addition, it will provide details of the thermal alteration that HA particles undergo in the extremely hot plasma jet that leads to dehydroxylated phases such as oxyhydroxylapatite (OHA) and oxyapatite (OA) as well as thermal decomposition products such as tri-(TCP) and tetracalcium phosphates (TTCP), and quenched phases such as amorphous calcium phosphate (ACP). The contribution will further explain the role of ACP during the in vitro interaction of the as-deposited coatings with simulated body fluid resembling the composition of extracellular fluid (ECF) as well as the in vivo responses of coatings to the ECF and the host tissue, respectively. Finally, it will briefly describe performance profiles required to fulfill biological functions of osteoconductive bioceramic coatings designed to improve osseointegration of hip endoprostheses and dental root implants. In large parts, the content of this contribution is a targeted review of work done by the author and his students and coworkers over the last two decades. In addition, it is considered a stepping stone toward a standard operation procedure aimed at depositing plasma-sprayed bioceramic implant coatings with optimum properties.
Introduction: A Short History of Bioceramic Materials Research
Worldwide, development and property optimization of bioceramic materials based on hydroxylapatite (HA, Ca 10 (PO 4 ) 6 (OH) 2 ) are the vanguard of health-related research efforts in many countries. Arguably, research into biomaterials senso lato has reached levels of involvement and sophistication second only to electronic ceramics. The reason for this is obvious as large proportions of an aging population, predominantly in developed countries, rely increasingly on repair or replacement of body parts, or restoration of lost body functions. These functions range from artificial dental roots, alveolar ridge, iliac crest and cheek augmentation, and spinal implants to hip and knee endoprostheses.
An ever-increasing number of patients receive largejoint reconstructive hip and knee implants to repair the ambulatory knee-hip kinematic. In addition, dental, smalljoint, and spine implants are target areas of biomedical implantology. The number of metallic, ceramic, and polymeric implants of all kinds delivered worldwide to needy patients is in the range of 10 million annually. Consequently, the global count of orthopedic surgeries increases by a whopping 10-12% per year. Presently, the worldwide sales of hip and knee orthopedic surgical joint replacement products are US$ 16.7 billion, anticipated to reach US$ 33 billion by 2022 ( Ref 1) .
Calcium phosphates are of overwhelming importance to sustain life (Ref 2) . It is often said that the inorganic part of bone consists of Ôhydroxylapatite.Õ This is, however, far from the truth as bone mineral contains only about 15% of the amount of hydroxyl ions that is found in mineralogical end-member hydroxylapatite. In addition, it contains about 6 mass% carbonate anions and about 3 mass% water (Ref 44) . Such calcium-and hydroxyl-deficient, carbonated hydroxylapatite (CHA) constitutes the inorganic component of the biocomposite materials ÔboneÕ and Ôtooth,Õ designed by Mother Nature to provide the mechanical strength and resilience of the gravity-defying bony skeletons of all vertebrates as well as the resistance of teeth to masticatory stresses. However, these natural biological hydroxylapatite-collagen composites provide not only strength but also flexibility. In addition, their porous structure allows exchanging essential nutrients. Bone supports biologically compatible resorption and precipitation behavior under appropriate physical and chemical conditions that closely control the build-up of bony matter by osteoblasts and its resorption by osteoclasts. Hence, bone-like, i.e., calcium-deficient defect, hydroxylapatite is a reservoir of phosphorus that can be delivered to the body on demand (Ref 3) .
Concurrent with the importance of calcium phosphates for life, research into these biomaterials has a long pedigree. Almost one hundred years ago, Albee & Morrison (Ref 4) considered calcium phosphates the materials of choice for bone regeneration, as these compounds mimic the chemical make-up of bone and tooth, which later were recognized to be biocomposites of Ca-deficient defect hydroxylapatite (Ôbone-like apatiteÕ) and triple-helical strands of collagen I. About 40 years ago, researchers suggested fully crystalline synthetic hydroxylapatite as a suitably biocompatible, but essentially bioinert, material for incorporation in the human body, together with other bioinert ceramics such as high-purity alumina (Ref 5) and zirconia . This was the advent of first-generation biomaterials. In a next step, bone-like hydroxylapatite was introduced as a bioactive, i.e., bone growth-supporting (osteoconductive) material, thus constituting second-generation biomaterials. Among their first application were plasma-sprayed coatings for dental implants, followed by coatings of the stem of hip endoprostheses to improve implant integration with the surrounding bone ( Ref 9) . These applications are still standard today.
Endoprostheses were initially fashioned from bioinert metals such as CoCrMo alloy and austenitic surgical steels (AISI 316L, AISI 304), later from cp-Ti with enhanced corrosion resistance, followed by lower modulus a + b-type Ti-based alloys such as Ti6Al4V. Eventually, Ti6Al7Nb and Ti5Al2.5Fe alloys were developed to overcome the potential cytotoxicity of V. Further developments aimed at low modulus b-type Zr-containing alloys (Ti13Nb13Zr) and others, with elastic moduli below 50 GPa, approaching those of human cortical bone .
Subsequently, researchers realized that with the advent of second-generation biomaterials a strictly materialbased approach had reached its limits. Hence, development was continued by biologically inspired third-generation biomaterials (Ref 10 ) that now concentrated on repair and regeneration of damaged or lost tissue on a molecular scale. One example is through functionalization of the surfaces of bioceramics or biopolymers by osteoinductive biological agents such as bone morphogenetic proteins (BMPs) or other non-collagenous proteins. Such proteins provide biochemical signals to bone cells that trigger their proliferation (Ref 11) .
Today, innovation has been partially achieved in the following areas of tissue engineering (Ref 12):
• Development of third-generation biomaterials able to activate and sustain genetic repair mechanisms,
• Tissue engineering by molecular scaffolding,
• Stem cell engineering including marrow stem cell (MSC) therapy, and
• Rapid and highly predictive in vitro-testing techniques for biomaterial-cell response evaluation.
Stem cell engineering, still a highly contentious issue hotly debated among various segments of the population and politicians, and rapid and predictive in vitro test methods for biomaterial-cell responses that would restrict or even alleviate costly and ethically dubious animal models are fertile areas of biomaterials research and development.
In conclusion, materials intended for biomedical purposes have conceptually evolved through three different generations, comprising first-generation bioinert materials with solely mechanical and/or space-filling functions, second-generation bioactive and biodegradable materials to provide osteoconductive function, and third-generation materials designed to stimulate specific cell responses at the molecular level (Ref 13) . Increasingly, computational modeling is being used for correlating gene expression profiling (genomics) with combinatorial material design strategies (materiomics). This approach adds both highthroughput capability and additional power to the analysis of biological effects induced by salient biomaterials properties (Ref 14) .
Recently, Ning et al. (Ref 15) proposed the idea of fourth-generation biomaterials based on integrating electronic systems with the human body to provide powerful diagnostic as well as therapeutic tools for basic research and clinical use. The functionalities of such biomaterial systems are thought to include manipulating cellular bioelectric responses for tissue regeneration as well as monitoring cellular responses with the aim to communicate with host tissues via bioelectric signals. It is anticipated that plasma-sprayed calcium phosphates will play a commanding role in the endeavor to develop and clinically test novel fourth-generation bioceramic materials. In particular, weak electrically conducting transition metal (Ti, Zr)-substituted calcium orthophosphates with NaSiCON (Na superionic conductor) structure (Ref 16) Ref 37) . All these plasma-assisted deposition techniques offer a fast, well-controlled, economically advantageous, and, in its processing technology, mature way to coat almost any substrate with those materials that possess a defined congruent melting point. However, this requirement must be relaxed as hydroxylapatite melts incongruently, i.e., decomposes on melting into tricalcium (Ca 3 (PO 4 ) 2 , a-and b-TCP) and tetracalcium (Ca 4 O(PO 4 ) 2 , TTCP) phosphates, or even cytotoxic calcium oxide, CaO (see Table 2 ). Moreover, a large portion of the molten powder material solidifies, adjacent to the implant surface, by rapid quenching to form amorphous calcium phosphate (ACP) of various compositions (Ref 38, 39) .
Consequently, biomedical coatings deposited by thermal spray techniques will have properties differing in chemical and phase composition, crystallinity, crystallite size, and defect density from natural bone-like apatite. Moreover, conventional APS of hydroxylapatite is unable to provide coatings with thickness below about 20 lm, a property that frequently does not meet medical requirements. To achieve thinner coating layers, recently suspension (SPS) and solution precursor plasma spaying (SPPS) techniques were developed. Furthermore, line-ofsight limitation makes coating of geometrically complex substrate shapes difficult, and undesirable local heating of the implant substrate may affect its metallic microstructure, as experienced, for example, by the forced a/b transition of alloyed titanium at high temperature. In addition, porosity control in the sprayed material is difficult, as plasma spraying results in rather dense coating layers (Fig. 2c) . Such material is unable to satisfy biomedical needs that call for pore sizes in excess of the 75 lm (Table 1) required to guarantee unimpeded ingrowth of bone cells. Indeed, deposition of dense, stoichiometric, and well-crystallized hydroxylapatite coating layers is frequently ineffective. The reason is that those coatings tend to be bioinert because they have lost their osteoconductive property based on sufficient solubility. In general, the porosity of plasma-sprayed coatings is determined by both powder particle size and the degree of particle melting that is turn is controlled by plasma gas composition, powder injection mode, and spray distance.
To attain bioactive, i.e., osteoconductive functionality, hydroxylapatite ought to have some degree of non-stoichiometry, expressed by both Ca deficiency caused by substitution of Ca cations by metabolic elements such as Mg, Sr, Na, K, and others, and substitution of carbonate ions for orthophosphate (type-B defect) or hydroxyl (type-A defect) anions (Ref 40, 41) . In particular, it has been found that in low-temperature apatites carbonate ions prefer to substitute for phosphate (type-B substitution) rather than for (monovalent) ions in channel sites (type-A substitution) (Ref 42) . Such non-stoichiometric, substituted, disordered, and sparingly soluble nano-crystalline CHA compositions closely resemble the so-called Ôbone-likeÕ biological apatite with the approximate formula Ca 10Àx (HPO 4 ) x (PO 4 ) 6Àx (OH,O,Cl,F,CO 3 ,h) 2Àx AE nH 2 O; 0 < x<1; 0 < n<2.5, the chemical variability of which aptly illustrates the complexity of the task at hand (Ref 43) . Recently, Pasteris has pointed out similarities and differences between biological apatite and the calcium phosphate phases typically synthesized as biomaterials (Ref 44) . To alleviate the disadvantages of plasma-sprayed hydroxylapatite coatings, the search is on to investigate, develop, and eventually clinically apply coatings deposited at temperatures much below the incongruent melting point of hydroxylapatite, ideally at or near ambient temperature (Ref 45) . However, still post-depositional heat treatment must frequently be applied. Annealing may be required to crystallize ACP, to transform non-apatitic hydrated precursor phases such as octacalcium phosphate (Ca 8 (HPO 4 ) 2 (PO 4 ) 4 AE5H 2 O, OCP) or dicalcium phosphate dihydrate (CaHPO 4 AE2H 2 O, DCPD, brushite) to hydroxylapatite, and/or to remove residuals of organic compounds used in coating preparation, for example, during sol-gel, dip coating, electrochemical, and electrophoretic deposition processes. However, lack of sufficient adhesive and cohesive strengths of low-temperature deposited coatings remains an issue that can be remedied somewhat by applying appropriate bond coats (for example Ref 46, 47) and by adding reinforcing polymeric materials (for example Ref 48) , respectively.
Notwithstanding the acknowledged shortcomings of plasma-sprayed hydroxylapatite that include thermal decomposition, line-of-sight limitation, and the inability to deposit coatings of less than about 20 lm thickness, thermal spraying is still the method of choice to apply coatings to the metallic parts of commercially supplied hip and knee endoprostheses as well as dental root implants. Currently, plasma spraying of hydroxylapatite powder particles with diameters of tens to hundreds of micrometers is the most popular and the only Food and Drug Administration (FDA)-approved method to coat implant surfaces for clinical use (Ref 49, 50) .
In conclusion, even though deposition of hydroxylapatite coatings by atmospheric (air) plasma spraying comes across as a mature and well research-supported technique, there is a need to address several shortcomings. Consequently, during the past decades, many attempts have been made to optimize essential properties of osteoconductive bioceramic coatings deposited by conventional APS. These properties include coating cohesion and adhesion, phase composition, homogeneous phase distribution, crystallinity, porosity and surface roughness, nanostructured surface morphology, residual coating stress, and not in the least, coating thickness ( Ref 20, 51, 52) . The present contribution attempts to highlight important aspects of the quest to design hydroxylapatite-based coatings with optimum mechanical, chemical, microstructural, and biomedical properties.
Advantages of Hydroxylapatite-Based Coatings
Hydroxylapatite coatings deposited by plasma spraying onto the metallic stem of hip endoprosthetic implants (see Fig. 2 ) significantly reduce the time required for osseointegration and provide osteogenesis, i.e., a genuine, biochemically mediated, strong bonding without a fibrillar connective tissue capsule. Such an undesirable acellular connective tissue capsule frequently forms around a metallic or ceramic implant body in the absence of a bioconductive coating, impeding lasting strong and solid osseointegration (Fig. 1a) . In contrast to this, Fig. 1(b) shows impressively the biomedical function of a hydroxylapatite coating that prevents the formation of a connective tissue layer, leading to strong and continuous connection between implant and bone.
Thus, hydroxylapatite coating of hip implants has been confirmed to achieve long-term survival in the human body, provided that certain requirements are met that include appropriate design selection, sound choice of bearing surfaces based on the patientÕs life expectancy, meticulous surgical technique, and adequate bone quality (Ref 55) . Meta-analysis of twenty-one follow-up studies (Ref 56) showed that hydroxylapatite coatings could improve significantly the post-operative Harris hip score (HHS, Ref 57) over that of stems coated with porous titanium. In particular, the former were found to reduce post-operative thigh pain as well as the incidence of femoral osteolysis, whereas there was no statistical difference between the hydroxylapatite-coated and porous-coated groups in femoral stem survivorship from aseptic loosening, polyethylene wear, and radiolucent lines. Consequently, HAcoated cementless implants are still considered the current Ôgold standardÕ in hip arthroplasty and dental restoration.
Advantages Figure 2(a) shows a state-of-the-art, high-end hip endoprosthesis with an alumina femoral ball designed to articulate against an alumina acetabular cup. This ceramic-ceramic wear couple excels by much reduced friction, a requirement necessary to counter for the lack of synovial fluid that in a healthy hip joint provides a very low friction coefficient. This synovial fluid contains high levels of hyaluronic acid that help maintain high fluid viscosity and support the normal integrity of the joint by attenuating inflammation and preserving the cartilaginous matrix covering the femoral head.
The Ti6Al4V stem of the endoprosthesis device shown in Fig. 2a has been plasma spray coated with hydroxylapatite by its manufacturer (CeramTec AG, Plochingen, Germany). The SEM micrographs depict the surface of the coating (top right, Fig. 2b ) as well as its cross section (bottom right, Fig. 2c ). The SEM image of the cross section of a plasma-sprayed coating (Fig. 2c ) reveals a coating thickness of 160 ± 10 lm with surface roughness of 9 ± 0.5 lm, low porosity of 8 ± 1 vol.%, pore size range between 10 and 20 lm, and adequate strength of adhesion to the Ti6Al4V substrate of 38 ± 9 MPa ( Ref 93) . Note that the SEM images of Fig. 2b and c relate to experimentally plasma-sprayed samples (Ref 47, 61, 93) , but not to the actual implant stem shown in Fig. 2a . These SEM images are shown here only for the purpose of illustrating the typical micromorphology of well-designed plasmasprayed hydroxylapatite coatings.
The coating reveals stacks of flat pancake-like splats of calcium phosphate of various composition as well as some loosely adhering incompletely melted oversized particles (Fig. 2b) . This feature could be potentially deleterious since only loosely adhering particles may become liberated in vivo, will be distributed by the lymphatic system throughout the body, and may subsequently trigger in susceptible patients periprosthetic inflammation and even aseptic implant loosening accompanied by osteolysis (Ref 62) . Even more hazardous may be the presence of nanosized hydroxylapatite particles released from implant coatings that could elicit an inflammatory reaction leading eventually to implant failure. Indeed, recent research suggests that such nano-sized hydroxylapatite particles may not only induce inflammation but may also decrease the viability of primary human polymorphonuclear cells, mononuclear cells, and human dermal fibroblasts, increase apoptotic cell behavior, and display an elevated ROS (reactive oxygen species) response (Ref 63) . Consequently, great care must be taken to avoid the presence of such undesirable coating features.
Principles of Osseointegration of Hydroxylapatite Coatings
Before embarking on the description of technical aspects of coating deposition and the analytical procedures applied to monitor and control their application-relevant properties, salient features will be briefly outlined of the interaction of such coatings with the environment of the human body.
The bone growth-stimulating function of hydroxylapatite coatings can best be expressed by two biomedicalderived properties, termed osteoconductivity and osteoinductivity. On the one hand, osteoconductivity is the ability of a biomaterial to support the in-growth of bone cells, blood capillaries, and perivascular tissue into the operation-induced gap between implant body and existing (cortical) bone bed. Interconnected coating pores of 100-300 lm size (Ref 64) foster the process of osseogenesis and osseointegration, thus underscoring the need to enhance and control pore sizes. Indeed, development of such pore networks in hydroxylapatite coatings is of the utmost importance since pore-free coatings that are too dense lose their bioactivity and act like bioinert materials. Hence, their eventual substitution by bone tissue is not guaranteed at all. On the other hand, the term osteoinductivity refers to the ability to transform undifferentiated mesenchymal precursor stem cells into osseoprogenitor cells that precede endochondral ossification. This process relies crucially on the osteoinductive action of non-collagenous proteins as will be discussed below.
Biocompatibility, osteoconductivity, and osteoinductivity of calcium phosphate-based bioceramic materials are generally attributed to their (i) chemical composition that resembles that of the inorganic component of natural bone, (ii) micro-or nano-structured surface topography, (iii) appropriate macro-and microporosity, (iv) enhanced bioadhesion, and (v) favorable dissolution kinetics. According to current views on calcium phosphate osseogenicity, Ca 2+ and [PO 4 ] 3À ions released from dissolving hydroxylapatite coatings during interaction with body fluid profoundly affect the migration, proliferation, and differentiation of osteoblasts during bone formation. However, the exact molecular mechanisms guiding de novo bone formation are still under debate.
At a molecular scale, apatite nucleation is thought to begin with nucleation of calcium phosphate proto-nuclei (embryos) from the extracellular body fluid (ECF), which is supersaturated with respect to hydroxylapatite. Ab initio calculations suggest that the first products of precipitation involve the so-called PosnerÕs cluster {Ca 3 (PO 4 ) 2 } 3 that has the energetically most favored and hence most stable configuration (Ref 65) . However, it is not clear at all how the transition occurs from these clusters with Ca/ P = 1.5 to HA with Ca/P = 1.67, and how the presence of organic species will affect this conversion mechanism. Experimental evidence obtained by in situ synchrotron small-angle x-ray scattering (SAXS) suggests that carboxylate ligands such as citrate and oxalate anions delay the onset of HA nucleation, whereas non-collagenous proteins such as osteocalcin, osteonectin, and proteoglycans lead to enhanced nucleation (Ref 66) . In particular, osteocalcin shows high affinity for HA and appears to play a significant role in cell signaling for bone formation (Ref 67 However, not only the precipitation kinetics but also the morphology of HA micro-or nanocrystals will be modified by structure-mediated (epitaxial) adsorption of organic constituents such as poly(amino acids) at prominent lattice planes of HA. For example, adsorption of poly(L-lysine) on {00.1} planes causes formation of polycrystalline nanocrystals of HA, whereas adsorption of poly(L-glutamic acid) leads to precipitation of large flat micron-sized single crystals (Ref 69) . Adsorption experiments involving recombinant human-like collagen (Ref 70) , and citrate and cetyltrimethylammonium bromide (CTAB) ( Ref 71) showed comparable relations. However, in this context it should be emphasized that aqueously precipitated carbonated, hydrated, calcium-and hydroxyldeficient apatite-like that in bone-has both the size and shape of bone crystallites, in the total absence of organics. Apparently, the carbonate incorporation suffices to control both the size and shape of crystalline apatite (Ref  175) .
On a cellular level, bone mineralization is thought to originate in cell-derived microstructures called matrix vesicles by major influx of calcium and phosphate ions into the cells (Ref 72) . Within the plasma membrane of the vesicles, phosphatidylserine-calcium phosphate complexes are being produced, mediated by proteins such as annexins, integrins, and the hydrolase enzyme alkaline phosphatase (ALP). These enzymes cleave phosphate groups off phosphatidylserine and thus act as foci of calcium phosphate deposition. Hence, both Ca 2+ cations bound to phospholipids and PO 4 3À anions released from the dissolving calcium phosphate biomaterial combine to nucleate ACP, which is converted to nano-crystalline hydroxylapatite (n-HA) at the vesicle membrane (Ref 73). 2À ions appear to stimulate nucleation outside the matrix vesicles in the interstitial space (ECM) and directly on triple-helical collagen I strands.
Moreover, hydroxylapatite-based bioactive implant coatings promote normal differentiation in surrounding tissues by providing a fertile environment for enhanced cell adhesion (Ref 74) and biocompatibility, including reduction of bacterial adhesion in dental implantology (Ref 75) . Cytoskeletal microfilaments such as actin, myosin, actinin, and tropomyosin that control cell shape and migration will be coupled through specialized cell membrane proteins (integrins) to extracellular adhesion molecules such as fibronectin, laminin, vitronectin, or thrombospondin (Ref 76 ). An interfacial layer of hydroxylapatite will adsorb these adhesion molecules in a favorable conformation and promote the formation of focal adhesion centers. Particular growth factors (cytokines) may also be adsorbed at specific hydroxylapatite surfaces, thus further promoting osseointegration. These growthsupporting cytokines include transforming growth factor-b, insulin-like growth factor-1, tumor necrosis factor-a, or recombinant human bone morphogenetic proteins (rhBMPs) that all provide a degree of osteostimulation that support the transformation of undifferentiated mesenchymal precursor cells into osteoprogenitor cells preceding endochondral ossification. This is at the very heart of the mechanism of osteoinduction.
In conclusion, Fig. 3a shows a schematic representation of osteoinduction induced by adsorption and incorporation of cell membrane proteins into the bone-like hydroxylapatite layer precipitated onto the dissolving calcium phosphate coating. The increased concentration of Ca 2+ and PO 4 3À ions appears to stimulate the release of chemokines from the cortical bone bed (Ref 77) . Figure 3b is a schematic rendering of the dynamic behavior of the interface between implant (left) and bone (right). Remodeling of the interface zone occurs at all dimensional levels from the molecular up to the cell and tissue levels, and at any time scale from the first few seconds after implantation up to several years (Ref 174) . Immediately following the implantation, a space filled with biofluid exists adjacent to the hydroxylapatitecoated implant surface (left). With time, bone growthsupporting proteins will be adsorbed at the coating surface that will give rise to osteointegration by proliferation of stem cells and their differentiation toward bone cells, revascularisation, and eventual gap closing. The direction of closing is a two-way affair: new bone matter grows into the gap from cortical bone as well as from the implant surface.
Critical Properties and Key Parameters of Plasma-Sprayed Hydroxylapatite Coatings
Hydroxylapatite coatings deposited by plasma spray techniques will have properties differing in chemical and Ref 88). The inset shows the region of interest, i.e., the incongruent thermal decomposition of hydroxylapatite (Ca/P = 1.67) to a 0 -tricalcium phosphate (Ca/P = 1.5) and tetracalcium phosphate (Ca/P = 2). Right: Phase diagram of the quasi-binary system CaO-P 2 O 5 -(H 2 O) at a water partial pressure of 65.5 kPa (after Ref 89) . Note that incongruent melting of hydroxylapatite (HA) occurs beyond 1570°C, accompanied by formation of a 0 -C 3 P (a 0 -TCP) and C 4 P (TTCP) phase composition, crystallinity, crystallite size, and defect density from the natural bone-like apatite they are supposed to mimic. On the one hand, these coatings must possess biomedical properties that influence positively their performance in vivo such as osteoconductivity or even osteoinductivity (see above). On the other hand, deleterious aspects inhibiting biocompatibility must be avoided. Required key coating properties include suitable coating thickness, stable phase composition and phase purity, absence of toxic elements, sufficiently high but limited crystallinity, adequate porosity and roughness, optimum surface microtopography, and high adhesive and cohesive strengths. An additional important requirement is successful control of deleterious residual coating stresses that may lead to premature chipping, spalling, or even complete delamination of coatings in vivo. During recent years, the quest to provide to the clinician coatings with such advantageous properties has triggered an avalanche of research contributions in the literature. Now virtually thousands of papers can be found in an ever-increasing number of relevant journals, using a plethora of deposition techniques, both thermal and non-thermal. Many of these attempts are discussed in a recent book on bioceramic coatings for medical implants ( Ref 20) .
As recently stressed by Groen et al. (Ref 14) , the intrinsic complexity of the biological system ÔhumanÕ is a crucial factor that is being often overlooked and oversimplified, respectively, when characterizing and evaluating biological responses to materials introduced into the body with widely differing properties. Indeed, since in vitro tests designed to predict the in vivo performance of a given biomaterial frequently deliver ambivalent results, capturing the biological complexity of living tissue in a comprehensive in vitro model and establishing tractable property-function relationships are still not possible today. Table 1 
Coating Thickness
A thin HA layer (<50 lm) yields better adhesion to the implant compared with thicker coatings (Ref 79; Table 1) due to the reduced residual coating stress of the former (Ref 82) . During deposition, the substrate is usually at some elevated temperature that on post-depositional cooling to ambient temperature leads to strong thermal mismatch, causing coating stress owing to the difference in the thermal expansion coefficients of the coating and the substrate. Depending on the sign of this difference, this ÔthermalÕ stress can be either tensile or compressive.
However, residual stress will be quickly relaxed in the course of bone integration in vivo as also confirmed by in vitro tests (Ref 83) . Although thick coatings (±150 lm, Fig. 2c) show significantly reduced adhesion strength, they may be required in some instances to ensure a more permanent bond to guarantee implant stability by a lasting biological effect (Ref 53, 84, 85) . This is particularly evident when, during an endoprosthetic replacement operation involving an exchange of the implant, the bone matter has been previously damaged, often in concurrence with an undesirable geometric configuration of the implantsupporting cortical bone. In this special case, a thin, quickly resorbed calcium phosphate coating will not be sufficient to sustain the required large-scale and, thus, long-time bone regeneration (Ref 85) . Rather, thicker coatings will be required. Clearly, there is a contradiction between the need for strong adhesion of the coating to the substrate, and the need for thicker coatings to provide a lasting biological effect that supports bone regeneration over long time. Here, careful design of plasma spray conditions and stringent quality management are called for to obtain an optimum trade-off solution.
Phase Composition and Crystallinity
Phase composition and degree of crystallinity of the coatings are of vital importance for their in-service performance, as both properties control the in vivo dissolution behavior (Ref 86, 87) . In the binary phase diagram CaO-P 2 O 5 shown in Fig. 4 , many compositions are present of which only a few are of biological relevance in the context of osteoconductive coatings. These are hydroxylapatite (Ca/P = 1.67), tricalcium phosphate (Ca/P = 1.5), and tetracalcium phosphate (Ca/P = 2).
Furthermore, the pseudo-ternary system CaO-P 2 O 5 -H 2 O (Fig. 5, left) contains, in addition to hydroxylapatite, calcium phosphate hydrate phases such as octacalcium phosphate (Ca/P = 1.33) and brushite (Ca/P = 1) that are of interest as precursor phases toward precipitation of stable hydroxylapatite from biofluid. However, stable equilibrium phases under hydrothermal conditions (300°C, 2 kbar) are calcium dihydrogenphosphate monohydrate, Ca(H 2 PO 4 ) 2 AEH 2 O; monetite, CaHPO 4 ; hydroxylapatite; and portlandite, Ca(OH) 2 (Fig. 5, right; Ref 90) .
5.2.1 Dehydroxylation and Thermal Decomposition of Hydroxylapatite. Hydroxylapatite powder particles subjected to the extremely high temperature of a plasma jet in excess of 15,000°C undergo, even during their very short residence time (hundreds of microseconds to few milliseconds) in the hot zone of the jet, dehydroxylation and thermal decomposition by incongruent melting. This thermal decomposition sequence occurs in four consecutive steps (Table 2) .
Based on this decomposition sequence, several models were developed (Ref 91-94 ) of the in-flight evolution of individual calcium phosphate phases. Figure 6a shows models of thermally induced phase transformation within a spherical hydroxylapatite particle, considering a parabolic temperature gradient according to FourierÕs Law. During the very short residence time of the particle in the plasma jet, the innermost core is still at a temperature well below 1550°C, the result of the low thermal diffusivity of hydroxylapatite of about 4.5 9 10 À3 cm 2 /s at 1000°C (Ref  95) . Consequently, hydroxylapatite (HA) and oxyhydroxy/ oxyapatite (OHA/OA) are the only phases present (Table 2, reactions 1 and 2).
At a high water partial pressure, the second shell heated to a temperature above the incongruent melting point of hydroxylapatite (1570°C) consists of a molten mixture of tri-and tetracalcium phosphates (Table 2, reaction 3). The outermost spherical shell of the particle comprises solid CaO+ melt since evaporation of P 2 O 5 or, more likely, loss of P generated by reduction of P 2 O 5 in the H 2 -rich plasma plume (Ref 96) shifts the composition along the liquidus toward CaO-richer phases ( Table 2 , reaction 4). The temperature increases to well beyond 1800°C, and the only unmelted composition is CaO (see Fig. 9, position 5) .
Although the presence of OHA as products of partial dehydroxylation of hydroxylapatite was postulated and confirmed early (Ref 99, 100) , the existence of OA was subject to controversy for many years until it has now been well established thanks to modern analytical tools such as synchrotron radiation x-ray diffraction and solid-state nuclear magnetic resonance spectroscopy (Fig. 4, left) . These phases have been experimentally (Ref 102) detected at very low water partial pressure (Fig. 6a,  right) . Hence, the second shell heated to a temperature of 1360 < T < 1570°C, just below the incongruent melting point of HA, undergoes solid-state decomposition to a mixture of a 0 -TCP and TTCP. The third shell, heated to a temperature above 1570°C, consists of melt with a Ca/P ratio of 1.67 ( On impact with the target surface, the molten phase is rapidly quenched and will solidify quickly to produce ACP with various Ca/P ratios ( Ref 97, 106, 107) . The force of impact of droplets accelerated to supersonic velocity triggers a series of events that profoundly affect the composition and the morphology of the resulting coating. The neatly ordered succession of spherical shells shown in Fig. 6a will be destroyed by the impact and will form a jumble of intermingled phases, i.e., patches of ACP in close vicinity to mixtures of hydroxylapatite and oxyhydroxylapatite (Fig. 6b, 7b ). In addition, the impact of particles accelerated to supersonic velocity may create a shock wave moving into the substrate, the reverberation of which causes local heating by isentropic expansion that is able to re-melt some of the already solidified coating components (Ref 108, 109 ; see also Ref 110) .
In addition to compositional inhomogeneity caused by lateral splat spreading, the phase composition of the coating varies considerably with depth. Indeed, depth-resolved diffraction studies of conventional x-rays and synchrotron radiation showed that the hydroxylapatite content decreases linearly with coating depth from about 75 mass% at the free coating surface down to 15 mass% at the surface-coating interface (Fig. 8) . At the coating surface, the remainder of crystalline phases were found to be 15 mass% TTCP, 4 mass% b-TCP, and 1.5 mass% CaO. These values decrease to 3 mass% TTCP, and 0.5 mass% each of b-TCP and CaO at the substrate-coating interface. The balance is thought to constitute ACP, reaching about 80% at the substrate-coating interface owing to rapid quenching of the arriving molten droplets (Ref 112) . This ACP layer that formed immediately adjacent to the metallic substrate is shown in the scanning transmission electron microscopy (STEM) image of Fig. 9 . Figure 9 shows a FIB (focused ion beam)-generated cross section of a plasma-sprayed calcium phosphate coating (right, positions 4-7) on a Ti6Al4V substrate (left, positions 1 and 3). The alumina grit-blasted Ti6Al4V reveals heavy surface damage with fold-over (position 3), thereby enwrapping residual alumina grit particles (position 2). The ACP layer is approximately 5 lm thick with an average Ca/P ratio of 1.38 (position 4: Ca/P = 1.38; position 6: Ca/P = 1.43; position 7: Ca/P = 1.32). Beyond this amorphous layer there is a fully crystalline region of close to stoichiometric HA (not shown) with Ca/P =~1.67. Position 5 indicates portlandite, Ca(OH) 2 , the product of the reaction with atmospheric humidity of CaO formed according to reactions 4a and b ( Table 2 ). The transformation of ACP to HA preferentially occurs along cracks in the coating suggesting that the crack energy released may be a driving force for the solid-state transformation reaction. While the Ca/P ratio of the ACP is initially fixed by the dehydration reactions 1 and 2 (Table 2) at Ca/ P = 1.67, it can be shifted to values <1.67 depending on how much TCP is being dissolved in the melt. In this case, during cooling ACP transforms to TCP and TTCP without changing the global Ca/P ratio of the ACP. The relative amounts of TCP, TTCP, and CaO formed depend on the decomposition rate of HA (Ref 97) . High decomposition rate achieved at high plasma enthalpies leads to large amounts of TCP + TTCP + ACP and subsequent decomposition of TTCP into CaO + P 2 O 5 ( Table 2 , reaction 4b). The TCP will completely dissolve in the melt, the Ca/P ratio of which will then approach 1.5. On cooling, crystallization of only TCP occurs. Conversely, a low decomposition rate at lower plasma enthalpy leads to a substantially reduced amount of TCP + TTCP + ACP. The Ca/P ratio of the melt approaches 1.67 and on cooling HA with some TTCP and TCP will crystallize. This has been experimentally confirmed by Gross et The assumed sequence of phase formation is also corroborated by the results shown in Fig. 13a .
Coating
Crystallinity. Table 1 indicates that coating crystallinity of at least 45% has been specified as requirement for suitably bioactive HA coatings (ISO Fig. 9 Scanning transmission electron microscopy (STEM) image of the substrate-coating interface of a FIB (focused ion beam)-generated sample of plasma-sprayed hydroxylapatite. The inset shows the electron diffraction pattern of ACP, characterized by a diffuse single ring with radius d = 0.809 nm that suggests short-range order (SRO) configuration corresponding to {010} of hydroxylapatite The coating was obtained from hydroxylapatite powder with average grain size of 120 lm. Plasma spray parameters were as follows: plasma power at 24 kW, total plasma gas flow rate at 50 slpm, powder feed rate at 18 g/min, spray distance at 100 mm, and translation speed at 0.5 m/s. The only crystalline phases discernible were oxyapatite (Powder Diffraction File 89-649) and b-tricalcium phosphate (Powder Diffraction File 9-016978).
Depth-resolved analysis of the crystallinity distribution of plasma-sprayed HA coatings (Fig. 11) shows an exponential decrease in crystallinity from 93% in the nearsurface region to 53% near the coating-substrate interface. Since each subsequently deposited layer reheats the previously deposited, cooling layer, the temperature difference, as well as the cooling rate decrease exponentially with increasing coating thickness, controlled by FourierÕs law. On the one hand, increasing temperature means less quenching of the subsequently arriving droplet, resulting in reduction in amorphicity and thermal decomposition products as the coating thickens. On the other hand, provided the temperature is high enough, the incoming droplet will anneal the previously quenched phases. Under such condition, the thermal decomposition products may reconstruct to form HA.
In addition to conventional diffraction techniques, spatially resolved cathodoluminescence (CL) microscopy may be used as a sensitive analytical tool to study the real structure of HA coatings deposited on implant surfaces. In particular, this technique provides a unique method to distinguish between crystalline and amorphous phases within such coatings (Ref 111, 117) . Figure 7b shows patches of ACP scattered throughout the crystalline calcium phosphate phases. This patchy distribution of ACP is the result of the quenching of molten or semi-molten droplets of hydroxylapatite during impact at the substrate surface whereby the ACP will be scattered among the crystalline constituents (Fig. 6b) . Microanalyses of coatings conducted by Gross and Phillips (Ref 117) with scanning cathodoluminescence microscopy confirmed that the darker regions in polished cross sections represent the amorphous phase as shown in Fig. 7b . The more intense cathodoluminescence emission from the amorphous phase during electron-beam irradiation compared with the lighter appearing crystalline phase can thus be used to distinguish structurally ordered (crystalline) and disordered (amorphous) areas within the same sample. (Ref 125, 126) . Consequently, short-term release of high concentrations of ions from dissolving calcium phosphate phases must be kept at bay by optimizing the amount of well-crystallized HA in the as-sprayed coating. This can be achieved by several measures that include optimizing the set of plasma spray parameters that significantly influence the plasma enthalpy and in turn control the thermal history of HA (see, for example, Ref 93) . In addition, the presence of a bioinert bond coat appears to improve the adhesion between HA coating and metal substrate (Ref 46, 127) and acts as a thermal barrier that may aid in enhanced crystallization of HA at the expense of ACP.
The formation of ACP by rapid quenching of the molten calcium phosphate droplets arriving at the cool substrate surface has several important implications. In addition to the patchy distribution of ACP in the bulk coating (see Fig. 7b ), a thin layer of ACP formed adjacent to the interface substrate-coating (Fig. 9 ) provides a path of least energy for crack propagation thus forcing coating delamination when subjected to shear stresses during in vivo service (Ref 128) . Second, owing to its easy solubility in contact with body fluid channeled by the throughcrack network down to the interface, ACP will be preferentially dissolved (Ref 86) . Consequently, adhesion strength will be further reduced. Third, contact of ACP with body fluid will establish a series of dissolution-precipitation reactions that transform ACP into more Ca-rich compositions including Ca-deficient bone-like hydroxylapatite (Ref 111; see Fig. 13 ).
This reaction sequence leading from ACP to HA has been experimentally followed by immersion of plasmasprayed hydroxylapatite coatings into simulated body fluid mimicking the composition of human extracellular fluid (hECF). Incubation of calcium phosphate coatings in simulated body fluid is a generally applied fingerprint technique to determine the potential biocompatibility and osteoconductivity of coating. ACP transforms on contact with simulated body fluid to crystalline phases, presumably via progressive hydrolysis of PO 4 3À groups. This transformation occurs predominantly along cracks and fissures in the coatings. Scanning transmission microscopy (STEM, Fig. 13a ) reveals how the transformation front sweeping through the ACP phase leaves in its wake a body of porous crystalline hydroxylapatite as shown by its electron diffraction pattern (top right inset of Fig. 13a ). At the leading edge of the transformation front, crystalline areas occur that can be identified by selected area electron diffraction (SAED) as b-TCP and TTCP. Presumably, these phases were formed already during coating deposition (Table 2, (Fig. 13a, top right inset) . In addition, weak diffraction rings appear presumably related to b-TCP (Fig. 13a , inset top left) as well as reflection spots of the <110> zone of TTCP (Fig. 13a, inset left center) . Larger single crystals of HA reveal in HRTEM micrographs (Fig. 13b) diffraction fringes spaced 0.39 nm apart, corresponding to {111} of HA at d = 0.389 nm.
Despite these results, it is not entirely clear how in detail the in vivo transformation occurs of ACP with a Ca/ P ratio <1.5 to HA with a Ca/P ratio of 1. Fourier transform infrared spectroscopy-diffuse reflectance infrared reflection (FTIR-DRIFT) allows deconvoluting ACP spectra with the aim to provide deeper insight into the mechanism of transition of ACP to nano-crystalline HA (n-HA) in bone (Ref 133).
Porosity and Surface Roughness
5.3.1 Porosity. The porosity of plasma-sprayed hydroxylapatite coatings ranges between 3 and 20%. Whereas high porosity is advantageous to enhance ingrowth of bone cells into the bioceramic coatings, tribological parameters such as friction and wear resistance, as well as corrosion resistance decrease dramatically with increasing porosity. Thus, porosity levels have to be tightly controlled to optimize coating performance.
Common causes of porosity of plasma-sprayed ceramic coatings include (Ref 134) • formation of large, spherical pores around particles that have already solidified prior to impact or were never completely molten due to their large size,
• shadow effect when a later arriving particle splashes over previously arrived ones. This may leave a gap within the lamellar layer,
• narrow planar inter-lamellar pores and/or gas inclusions between the lamellae,
• ÔexplodedÕ particles due to rapid heating, excessive particle velocities and thus occurrence of disruptive shock waves (Ref 108),
• flat planar, crack-like pores formed during cooling as a result of stress relaxation originating from restricted thermal shrinkage,
• gas-filled voids caused by dissolution of gas in molten material,
• micropores originating from condensation of partially evaporated particles,
• formation of micro-cracks and voids by solidification, quenching, external loading, etc.
Porosity and surface roughness of hydroxylapatitebased coatings play decisive roles in the quest for enhancing the biomedical performance of endoprosthetic implants. While optimum coating porosity and roughness (Ref 79; Table 1 ) are mandatory requirements for ingrowth of bone cells, accumulation of macropores at the substrate/coating interface leads to an intolerable weakening of the coating adhesion as well as cohesion strengths. The denser the microstructure of the bioceramic coating, the lower is the risk of bonding degradation by cracking, spalling and delamination during in vivo contact with aggressive body fluids (Ref 135) . Since the integrity and continuity of the substrate/coating interface is of paramount importance for implants, the two conflicting requirements of the need of porosity for easy bone cell ingrowth and the need of high coating density for superior adhesion have to be carefully considered, controlled, and adjusted (Ref 93) . This is particularly important considering the risk of release of coating particles in vivo that will be distributed by the lymphatic system throughout the human body and is known to lead to inflammatory re- sponses with formation of undesirable giant cells and phagocytes (Ref 136) . Hence, balancing the two conflicting porosity requirements is a considerable challenge apparent during designing and controlling appropriate intrinsic plasma spraying parameters.
As shown in Table 1 , the size of pores should be at least 75 lm, preferably more (Ref 64, 137) , to allow bone cells to grow easily and unimpeded into the coating fabric and thus to anchor the implant solidly to the surrounding cortical bone bed. This is a rather difficult task, as APS of hydroxylapatite usually leads to rather dense coatings with low porosity and small pores sizes (Fig. 14a) . Despite the presence of water, the high heating level required by SPS is sufficient to remove the hydroxide ions from the hydroxylapatite feedstock, leading to dehydroxylated and hence, highly reactive coatings rich in oxyhydroxy/oxyapatite. These SPS coatings are much more porous than APS coatings as shown in Fig. 14b . Although increased porosity causes a decrease in hardness and elastic modulus of the bulk coating, it will be advantageous for in-growth of bone cells and consequently may impart enhanced biocompatibility if sufficient coating adhesion to the implant surface can be engineered and maintained.
Surface
Micro-and Nanotopography. Plasmasprayed coatings exhibit very different surface structures compared with homogeneous bulk materials. Whereas apparently smooth homogeneous bulk materials often show a surface characterized by wavy undulations and scratches, plasma-sprayed surfaces display an inhomogeneous profile given by the original splat structure, inherent coating porosity, as well as cracked, pulled-out, and chipped-off areas. To describe such surfaces according to their functional behavior in service, it is useful to separate the undulation, i.e., the waviness of the surface (macroroughness) from the roughness per se (micro-roughness) that is responsible for the tribological and biological behavior of the coating. In the case of bioceramic coatings, the degree of cell attachment and proliferation significantly depends on the type and numerical value of their surface roughness.
Adequate surface nanotopography is an important prerequisite for optimum cell adhesion and proliferation. To define the general nature of micro-and nano-roughened surfaces, the concept of fractals has been invoked (for example Ref 139, 140) . Using a fractal approach, Gentile et al. (Ref 141) conducted experiments to study cell proliferation on electrochemically etched silicon proxy surfaces with varying roughness but comparable surface energies. The surface profiles were found to be self-affine fractals, the average roughness R a of which increased with etching time from~2 nm to 100 nm, with fractal dimension ranging from D = 2 (a nominal flat surface) to D = 2.6. Moderately rough surfaces with R a between 10 and 45 nm yield a close to Brownian surface topography with D~2.5. The authors interpreted the observed cell behavior with the theory of adhesion to randomly rough solids. They further concluded that a moderately rough surface with large fractal dimension is conducive to cell proliferation. In a more applied context, Gittens et al. (Ref 142) critically reviewed and interpreted Along similar lines, in a recent review on bioactive coatings for implants Zhang et al. (Ref 143) discussed the effect of surface micro-roughness on both osteoblast adhesion and differentiation. Osteoblast-like cells grown on moderately rough titanium surfaces (4 < R a < 7 lm) showed reduced proliferation but enhanced osteogenic differentiation expressed through upregulation of ALP and osteocalcin levels (for example Ref 144) . In addition, micro-roughened surfaces inhibit osteoclast activity by upregulating RANKL (receptor activator of nuclear factor kappa-B ligand) and decoy receptor osteoprotegerin (OPG) on osteoblasts. At present, implants used in clinical practice often possess micro-pitted surfaces produced by various techniques including grit blasting, acid etching, plasma spraying, or laser treatment (Ref 145) . These micro-textured implant surfaces show enhanced osseointegration compared to smooth implants (Ref 146) .
In contrast to some findings reported above, nano-scale surface topography with roughness <100 nm appears to have a positive effect on both osteoblast adhesion and proliferation, with cells showing enhanced tendency of spreading and improved filipodial extensions. This is presumably caused by easy attachment of collagen I fibrils and nano-crystalline whisker-like hydroxylapatite crystals with lengths ranging from 50 to 300 nm and width of 0.5-5 nm to such nano-scaled coating depressions. The underlying mechanism of the enhanced cell adhesion is likely related to increased protein adsorption on nanoscaled surfaces (Ref 143).
Adhesive and Cohesive Strengths
In addition to porosity and surface roughness, the mechanical performance of thermally sprayed hydroxylapatite coatings is largely determined by the quality of their adhesion to the metallic implant surface. The degree of adhesion between coating and bone can be determined from retrieved orthopedic implants (see, for example, Ref 147, 155) . From these studies, it appears that the clinical success of HA-coated implants is not only the result of sufficient adhesion of the coating to the implant material, but in addition depends on many other factors including the skill of the surgeon to properly place the implant, the health and quantity of the cortical bone bed, and the age and physical condition of the patient.
Whereas in the past it was generally assumed that the sole contributor to adhesion is mechanical interlocking of the solidified particle splats with asperities of the roughened substrate surface, today chemisorption and epitaxial/topotaxial processes are considered important mechanisms contributing to coating adhesion (Ref 148) .
Consequently, the adhesion of coatings will be controlled by three mechanisms:
• Mechanical anchorage in which surface roughness plays an overriding role. The molten droplets impinging at the surface of the substrate must have sufficient plasticity, high impact velocity, low viscosity, and good wettability. The adhesion strength of a ceramic coating is in many cases a linear function of the average surface roughness, R a , deliberately produced by grit blasting or laser-induced micro-roughening. Some research results suggest that the true influencing parameter appears to be the variation of the fractal dimension of the surface roughness (Ref 139).
• Physical adhesion controlled by diffusive bonding, whereby the thermal diffusivity increases with increasing contact temperature according to FourierÕs law. This type of adhesion can be maximized by substrate preheating. Because of the small diffusion depth (produced by rapid solidification), the diffusive adhesion generally plays only a minor role as an adhesion mechanism (Ref 134).
• Chemical adhesion that can be engineered by adjusting the contact diffusivities. Thin reaction layers may form that improve the adhesion on a molecular scale by creating a true metallurgical bond. Methods to estimate adhesion and/or cohesion strengths of HA coatings include standard tests such as the tensile pull test according to ASTM C633-13, the modified peel test according to ASTM D3167-10, and the diamondpoint scratch test according to ASTM C1624-05 designations. In addition, several custom-designed tests are being applied, including ultrasonic C-scan (Ref 134, 151, 152 ) and laser shock adhesion tests (LASAT, Ref 153) .
Generally, the adhesion of plasma-sprayed hydroxylapatite layers to the implant surface was found to be notoriously weak (Ref 154, 155 The jury is still out on the efficacy of adhesion-mediating reaction layers. However, long-time annealing of the as-sprayed HA coatings deposited on a titanium alloy substrate beyond 900°C resulted in the formation of an interfacial Ca-Ti oxide layer of several micrometer thickness ( Ref 25, 113) . To achieve higher adhesion, the degree of melting and superheating, respectively, of the HA particles in the plasma jet must be improved by an increase of the plasma enthalpy (Ref 26) . However, there is an obvious conflict. High plasma enthalpy inevitably leads to increased thermal decomposition of hydroxylapatite and thus to a decrease of its resorption resistance, i.e., the in vivo longevity of the coatings. Consequently, the plasma spray parameters and the resulting microstructure of the deposited coatings need to be carefully optimized by controlling the heat transfer from the hot core of the plasma jet to the center of the powder particles (Ref 134, 161 
Residual Coating Stress
Residual stress influences both mechanical properties, e.g., coating adhesion and cohesion, and chemical properties, e.g., resorption kinetics of the as-sprayed HA coatings. High residual stress levels affect the surface free energy of crystalline HA particles and thus tend to increase solubility (Ref 165) .
There are several methods to estimate stress levels that include conventional x-ray, high-energy synchrotron radiation and neutron diffraction measurements (sin 2 Wtechnique), curvature measurements (Almen-type test), the hole-drilling strain gage method, and Raman photoluminescence piezospectroscopy (see Ref 20, 134) . However, stresses measured by different techniques frequently relate to different length scales so that direct comparison among the results obtained should be considered with care (see, for example, Ref 166) .
The total macroscopic residual stress in plasma-sprayed HA coatings is the sum of stresses originating from quenching (also known as intrinsic stress), differential thermal mismatch of the coating and substrate as expressed by the difference in the coefficient of thermal expansion (also known as thermal stress), as well as the stress arising from volume change associated with phase transformations. The quenching stress is always tensile due to frozen-in splat contraction during cooling to ambient temperature upon deposition (Ref 167, 168) . However, in ceramic coating materials the quenching stress is generally expected to be small (Ref 169) and, hence, contributes only negligibly to the total residual stress. In contrast to this, the large temperature difference experienced during cooling of superheated molten hydroxylapatite particles, and larger differences of thermal expansion coefficients between the ceramic coating material and the metallic substrate imply that thermal mismatch stresses will be very significant.
The maximum thermal stress of a plasma-sprayed coating that can be accommodated without mechanical failure can be estimated by the empirical Dietzel equation where a is the linear coefficient of thermal expansion, m is PoissonÕs ratio, E is YoungÕs modulus of elasticity, DT is the temperature difference, and d is the thickness. The subscripts ÔcÕ and ÔsÕ refer to coating and substrate, respectively. The sign of the stresses depends on the sign of Da = (a c À a s ): for a c > a s tensile stresses develop in the coating and compressive ones in the substrate adjacent to the interface. This tensile stress can be minimized by maximizing the ratio d s /d c . Hence, for given values of m and E, the coating stresses decrease with decreasing coating thickness. Since the mean coefficients of thermal expansion are (11) (12) ppm/°C for hydroxylapatite and 8.6 ppm/°C for Ti6Al4V, the theoretical residual thermal coating stress is always tensile, thus frequently leading to cracks perpendicular to the coating surface as shown in Fig. 2c . These cracks may penetrate the entire coating thickness down to the substrate surface, thereby opening up pathways for extracellular fluid to reach the first few micrometers of the deposit that consist of easily soluble ACP (Ref 107) . Since dissolution of the amorphous interlayer reduces the adhesive strength and thus contributes strongly to premature coating delamination in vivo, crack formation must be controlled by reducing coating thickness and, hence, tensile stresses and/or by substrate preheating to reduce the temperature gradient and, hence, the difference in coefficients of thermal conductivity.
Recently, a comprehensive study was conducted to determine the stress state of plasma-sprayed HA coatings by spatially and depth-resolved diffraction methods (Ref 112) . The residual stress state of the as-sprayed coatings was determined by the sin 2 W-technique, using both conventional x-ray (8 keV) and synchrotron radiation (11 and 100 keV) diffraction. Some of the results are shown in Fig. 15 .
As expected from the positive sign of the Da, the principal Cauchy stress tensor components r 11 and r 33 are both tensile adjacent to the coating-substrate interface, but relax to zero within the first 80 lm of the coating (Fig. 15a and b) . Then the component r 11 slightly increases with further accumulating coating thickness to become tensile again with +20 MPa at the free coating surface. In contrast, the tensile stress component r 33 at the coating-substrate interface decreases monotonously to compressive with approximately À30 MPa at the free coating surface. The shear stress tensor component r 13 shown in Fig. 15c is likewise tensile near the coatingsubstrate interface with +20 MPa and relaxes to zero within the first 80 lm. After this, it remains neutral for the remainder of the coating thickness up to the free coating interface. In addition, as shown in Fig. 15d the stress amplitude (r 11 À r 33 ) follows a strictly linear trend, increasing from zero adjacent to the coating-substrate interface and remaining tensile up to the free coating surface, with maximum tensile stress of +60 MPa.
In conclusion, the major stress component influencing residual stress formation in the coating is r 33 . As expected from the empirical Dietzel equation (Eq 5.2), within the first 80 lm of the deposited coating, the residual stress was found to be tensile. With further increasing coating thickness, the stress state changes to compressive. This is beneficial for coating integrity as the compressive stress counteracts crack formation and, hence, promotes coating cohesion. These findings are in general agreement with earlier work by Tsui 
Conclusion
Deposition of hydroxylapatite coatings by atmospheric (air) plasma spraying (APS) is a mature and well-researched technique to coat metallic hip endoprosthetic and dental root implants. Hydroxylapatite-coated metallic stems of hip endoprosthetic implants are confirmed to be a reliable means to achieve their long-term in vivo survival, provided that certain requirements are met, which include appropriate design selection, sound bearing surfaces according to the patientÕs life expectancy, meticulous surgical technique, and adequate bone quality. However, despite these advantages, today we have reached a limit of the current medical practice that emphasizes replacement of tissue by a predominantly materials science-based approach. Consequently, novel developments include biologically inspired third-generation biomaterials that concentrate on repair and regeneration of damaged or lost tissue on a molecular scale, for example, through functionalization of the surfaces of bioceramics or biopolymers by osteoinductive biological agents such as BMPs or other non-collagenous proteins.
At present, conventional plasma spraying of hydroxylapatite powder particles with diameters of tens to hundreds of micrometers is still the most frequently applied and the only Food and Drug Administration (FDA)-approved method to coat implant surfaces for clinical use. However, there are shortcomings that include thermal decomposition of the feedstock during spraying, line-ofsight limitation, the difficulty to control pore sizes and porosity, and the inability to deposit coatings of less than about 20 lm thickness. Nevertheless, properly applied hydroxylapatite coatings provide osteoconductive and, in concert with adsorbed osteostimulating biological agents, osteoinductive functionality that is generally attributed to their (i) chemical composition that resembles that of the inorganic component of natural bone, (ii) nano-structured surface topography, (iii) appropriate macro-and microporosity, (iv) enhanced bioadhesion, and (v) favorable dissolution kinetics.
Owing to the complexity of the interaction among numerous plasma spray parameters that influence key coating properties, during the past decades many attempts were made to optimize essential properties of osteoconductive bioceramic coatings. These properties include coating thickness, phase composition, crystallinity, porosity, micro-and nano-roughness of coating surfaces, coating adhesion and cohesion, and residual coating stresses. In particular, maintenance of phase composition at values imposed by national and international norms, and control of coating porosity by implementing novel deposition techniques such as suspension (SPS) or solution precursor plasma spraying (SPPS) are fertile development areas.
It remains to emphasize that careful engineering of hydroxylapatite coatings by appropriately adjusting and fine-tuning of plasma spray parameters will ensure that coatings can be deposited with optimum mechanical, microstructural, chemical, and biological properties.
